Introduction {#Sec1}
============

The left (LV) and right (RV) ventricular cavities of the normal human heart are separated from the intrathoracic space by the left and right ventricular free walls, respectively (Fig. [1](#Fig1){ref-type="fig"}a). The cavities are mutually separated by the septal wall. In order to simulate LV and RV mechanics and hemodynamics, the close anatomic coupling between these two ventricles must be considered. Experimental data demonstrate that a change in loading condition of either ventricle directly influences pump function of the other ventricle.[@CR5],[@CR21],[@CR50],[@CR55],[@CR68] It is also well recognized that septal geometry and motion depend on transseptal pressure difference.[@CR36],[@CR37],[@CR51] This dependency is best illustrated by flattening of the septum with increase of RV pressure relative to LV pressure (Fig. [1](#Fig1){ref-type="fig"}b). Septal geometry and motion appeared to be of diagnostic and predictive significance in patients with pulmonary hypertension.[@CR32],[@CR35]Figure 1Two typical 2D echocardiographic images showing end-diastolic parasternal short-axis views of the hearts of a normal individual (a) and a pulmonary hypertension patient (b). Note that the septum is flattened with pulmonary hypertension. Cross-sections of left (LV) and right (RV) ventricular cavities, LV free wall (LW), septal wall (SW), and RV free wall (RW) are indicated. The bright dots indicate the cross-section of the junction margin of the walls. In the right upper corner, image plane orientation (gray plane) is indicated in a schematic representation of the cardiac ventricles

Several mathematical models of ventricular mechanics have been developed to quantify the effect of ventricular interaction on cardiac function. In several lumped models of ventricular hemodynamics,[@CR7],[@CR13],[@CR41],[@CR43],[@CR48],[@CR53],[@CR56],[@CR60],[@CR61] ventricular interaction is described by empirically determined coupling coefficients, quantifying interventricular cross-talk of pressures and volumes. The model designed by Beyar *et al.*[@CR7] describes ventricular interaction in a more mechanistic way. In this model, LV and RV cavities are enclosed by three ventricular walls. For given ventricular pressures, the mechanical equilibrium of tensile forces in the junction of the walls is used as constraint to predict ventricular geometry. The model is restricted to description of passive mechanics of walls lacking contractile myofiber properties. More recently, 3D finite element models of the cardiac ventricles were used to simulate ventricular pump function and local tissue mechanics,[@CR34],[@CR47],[@CR66] inherently including ventricular interaction via the septum. In comparison with lumped models of global ventricular mechanics, finite element models allow description of regional wall mechanics and geometry. Consequently, these models are computationally demanding.

For study of beat-to-beat hemodynamics and mechanics of heart and blood vessels, Arts *et al.* previously developed the closed-loop CircAdapt model of heart and circulation.[@CR3] In this model, mechanical interaction of the LV and RV has been simulated by a common outer wall, having a transmural pressure equal to RV pressure, encapsulating an inner wall, which represents the left ventricle.[@CR1] The inner wall encapsulates the LV cavity only and has a transmural pressure equal to the difference between LV and RV pressure. Under normal ventricular loading conditions, this model enables realistic simulation of global LV and RV pump mechanics.[@CR1],[@CR3] However, this model setup presumes RV pressure to be substantially lower than LV pressure during the whole cardiac cycle. This condition is not satisfied with pulmonary hypertension or with left-to-right asynchrony of electrical activation. Furthermore, septal geometry cannot be simulated. Thus, this model cannot be used to interpret this measurable signal that contains important information about the difference between LV and RV pressure.[@CR35],[@CR51] Therefore, we designed the TriSeg model of ventricular mechanics that realistically incorporates ventricular interaction via the interventricular septum.

In the TriSeg model, three wall segments, i.e., the LV free wall (LW), septal wall (SW), and RV free wall (RW), meet in a junction margin, thus encapsulating the LV and RV cavities (Fig. [2](#Fig2){ref-type="fig"}a). LW and RW geometries are calculated starting from an initial estimate of SW geometry. For each wall segment, myofiber strain is calculated from midwall surface area relative to a reference area. From myofiber strain, myofiber stress is determined using constitutive equations describing sarcomere mechanics. Substitution of myofiber stress in the known geometry of the walls results in representative midwall tension, acting on the junction line. Next, septal geometry is adjusted so that equilibrium of tension is achieved, i.e., summed tension at the junction of the three walls is equal to zero. As a result, geometries of the three wall segments and the two cavities are known, together with stresses, tensions, and pressures.Figure 2TriSeg model of ventricular mechanics. (a) The TriSeg model (gray shading) incorporated in the modular CircAdapt model of the systemic (syst) and pulmonary (pulm) circulations.[@CR3] Three thick-walled spherical segments representing LV free wall (LW), RV free wall (RW), and septal wall (SW) form a ventricular composite consisting of a left ventricular (LV) cavity, with volume *V*~LV~ and pressure *p*~LV~, and a right ventricular (RV) cavity, with volume *V*~RV~ and pressure *p*~RV~. (b) Cross-section of the ventricular composite through the axis of rotational symmetry (*x*). The ventricular walls are coupled mechanically at the common junction circle where their midwall surfaces (thick lines) meet. This junction circle perpendicularly intersects the plane of drawing (open dots). The midwall surface divides the wall with wall volume *V*~w~ in two shells of equal volume. The center of the junction circle is the origin (0) of the cylindrical coordinate system applied. Note that *x*-direction is defined positive toward the RV free wall. (c) Cross-section of a single wall segment through the axis of rotational symmetry. Note that only midwall geometry is shown. The shaded area indicates midwall volume *V*~m~ enclosed between the midwall surface and the junction plane. Midwall volume *V*~m~, area *A*~m~, and curvature *C*~m~ (reciprocal of radius of curvature) depend on distance *x*~m~ and radius *y*~m~ of the boundary circle. Each wall is loaded by transmural pressure difference resulting in a representative midwall tension *T*~m~. With half opening angle *α*, *T*~m~ is resolved in an axial (*T*~x~) and a radial (*T*~y~) component

The TriSeg model of ventricular mechanics is designed to be incorporated as a module in the existing CircAdapt model simulating mechanics and hemodynamics of the whole circulation.[@CR3] According to the principles of CircAdapt, size and mass of the wall segments are determined by adaptation so that mechanical load of the myofibers is normalized to physiological standard levels.[@CR3],[@CR4] The TriSeg model, as integrated in the CircAdapt model, has been tested by simulation of time-dependent LV and RV mechanics and hemodynamics under normal ventricular loading conditions as well as with acute and chronic pulmonary hypertension (PH). PH has been simulated to test whether the TriSeg model realistically relates septal geometry to transseptal pressure. Simulation results have been compared with previously published experimental data on ventricular hemodynamics[@CR9],[@CR62] and on the relation between septal geometry and transmural pressure[@CR17],[@CR51] in healthy volunteers and in patients with chronic PH.

Methods {#Sec2}
=======

General Design of the TriSeg Model {#Sec3}
----------------------------------

The design of the new TriSeg model of ventricular mechanics should enable incorporation as a module in the existing CircAdapt model that simulates mechanics and hemodynamics of the whole circulation.[@CR3] Therefore, the TriSeg model calculates LV and RV pressures (*p*~LV~ and *p*~RV~, respectively) as functions of LV and RV cavity volumes (*V*~LV~ and *V*~RV~, respectively). Mechanics of ventricular interaction is incorporated assuming a simplified ventricular composite geometry (Fig. [2](#Fig2){ref-type="fig"}a). The three ventricular walls LW, SW, and RW are modeled to be thick-walled and spherical with a common junction circle with midwall radius *y*~m~ (Fig. [2](#Fig2){ref-type="fig"}b). Midwall is defined as the spherical surface that divides wall volume *V*~w~ in an inner and an outer shell of equal volume. Midwall volume *V*~m~ is the volume enclosed by the midwall surface and the plane of the junction circle (Fig. [2](#Fig2){ref-type="fig"}c). The center of the junction circle is the origin of the applied cylindrical coordinate system (Fig. [2](#Fig2){ref-type="fig"}b). The *x*-direction is perpendicular to the plane of the junction circle and is defined positive toward the RV free wall. The *y*-coordinate represents the radial distance to the *x*-axis. The spherical midwall surface of a wall segment intersects the *x*-axis at value *x*~m~ (Fig. [2](#Fig2){ref-type="fig"}c).

In presenting the TriSeg model, the following levels are distinguished: (1) ventricular hemodynamics, (2) ventricular composite mechanics, (3) ventricular wall segment mechanics, (4) curved wall patch mechanics, and (5) myofiber mechanics. Starting from LV and RV volumes, the sequence of calculations needed to obtain LV and RV pressures has been illustrated in Fig. [3](#Fig3){ref-type="fig"}. The ventricular hemodynamics section serves as interface with the CircAdapt model of the whole circulation.[@CR3] In the ventricular composite section, LV and RV volumes are used to calculate LV and RV pressures, applying a model of wall mechanics to each ventricular wall segment. In the ventricular wall segment section, volume *V*~m~ and boundary radius *y*~m~ of a spherical wall segment are used to calculate the axial and radial vector components *T*~x~ and *T*~y~, respectively, at the common junction circle from representative midwall tension *T*~m~, applying a model of the mechanics of a curved wall patch. Such patch is defined as a fraction of a spherical wall segment with an arbitrarily shaped boundary and with midwall area *A*~m~ and curvature *C*~m~. Curvature is defined as the reciprocal of radius of curvature, having the advantage of being well defined for a flat wall. In the section of curved wall patch mechanics, *A*~m~ and *C*~m~ are used to calculate representative midwall tension *T*~m~, applying a model of myofiber mechanics. In the myofiber mechanics section, natural myofiber strain *ε*~f~ is converted to Cauchy myofiber stress *σ*~f~, using a constitutive law of the myofiber. This model of myofiber mechanics has been heuristically obtained from reported physiological experiments.Figure 3Flowchart of the TriSeg model of left (LV) and right (RV) ventricular mechanics. Applied equations are indicated by their numbers. The ventricular hemodynamics section serves as interface with the CircAdapt model of the whole circulation. In the ventricular composite section, for each wall *i*, midwall boundary radius (*y*~m,*i*~) and midwall volume (*V*~m,*i*~) are calculated from LV and RV volumes (*V*~LV~ and *V*~RV~, respectively) and septal geometry. Septal geometry is initially defined by estimates of boundary radius (*y*~m,est~) and midwall volume (*V*~m,SW,est~). LV free wall, septum, and RV free wall are indicated by *i* = LW, SW, and RW, respectively. The first dashed arrow indicates calculation of axial (*T*~x,*i*~) and radial (*T*~y,*i*~) wall tension components and transmural pressure (*p*~Trans,*i*~). LV and RV pressure (*p*~LV~ and *p*~RV~, respectively) and a new estimate of septal geometry is obtained from the summed axial (*T*~x,Tot~) and radial (*T*~y,Tot~) tension components. If septal geometry is sufficiently accurate by iteration, the solution is accepted. Because direct calculation along the dashed arrow is not possible, the sequence of calculations has to follow the solid lines. For each wall segment, midwall area (*A*~m,*i*~) and curvature (*C*~m,*i*~) are calculated. Wall tension (*T*~m,*i*~) is calculated following the second dashed arrow and renders wall tension components and transmural pressure. Again, direct calculation is not possible. Therefore, in the myofiber section, midwall area and curvature are used to calculate myofiber strain (*ε*~f,*i*~). Myofiber strain is converted to myofiber stress (*σ*~f,*i*~) using a model of sarcomere mechanics. Myofiber stress and wall segment geometry are used to calculate wall tension. By cascading the different sections, calculations can be performed sequentially along the pathways marked by solid lines

Ventricular Composite Mechanics {#Sec4}
-------------------------------

In this section, it is shown how cavity volumes *V*~LV~ and *V*~RV~ are used to calculate pressures *p*~LV~ and *p*~RV~. For that purpose, a model of ventricular wall segment mechanics is applied that renders axial and radial tension components (*T*~x~ and *T*~y~, respectively) from representative midwall tension as a function of the midwall volume (*V*~m~) and junction radius (*y*~m~) of the spherical wall segment. This latter model will be derived in the next section discussing mechanics of the ventricular wall segment.

The geometry of the ventricular composite (Figs. [2](#Fig2){ref-type="fig"}b and [2](#Fig2){ref-type="fig"}c) is defined by the common radius *y*~m~ of the wall junction and the enclosed midwall cap volumes *V*~m,LW~, *V*~m,SW~, and *V*~m,RW~ of the wall segments LW, SW, and RW, respectively. Septal midwall volume *V*~m,SW~ and junction radius *y*~m~ are initially estimated by the solutions as obtained in the preceding time point, i.e., *V*~m,SW,est~ and *y*~m,est~, respectively:$$\documentclass[12pt]{minimal}
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For each wall segment *i*, *V*~m,*i*~ and *y*~m,*i*~ are used to calculate axial and radial tension components *T*~x,*i*~ and *T*~y,*i*~, as well as transmural pressure *p*~Trans,*i*~. This is done by applying a model of ventricular wall segment mechanics as discussed in the next section. The axial tension components of the three wall segments *T*~x,LW~, *T*~x,SW~, and *T*~x,RW~ are summed to calculate the net axial tension *T*~x,Tot~ in the junction. Similarly, the net radial tension *T*~y,Tot~ in the junction is obtained. The initial estimates of *y*~m~ and *V*~m,SW~ (Eqs. [1](#Equ1){ref-type=""} and [2](#Equ2){ref-type=""}) are adjusted numerically so that for the summed tension components it holds:$$\documentclass[12pt]{minimal}
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\begin{document}$$ T_{{{\text{y}},{\text{Tot}}}} (y_{\text{m}} ,V_{{{\text{m}},{\text{SW}}}} ) = 0 $$\end{document}$$Having solved Eqs. ([5](#Equ5){ref-type=""}) and ([6](#Equ6){ref-type=""}), and assuming the pressure surrounding the ventricular composite to be zero, for LV and RV pressures it holds:$$\documentclass[12pt]{minimal}
\usepackage{amsmath}
\usepackage{wasysym} 
\usepackage{amsfonts} 
\usepackage{amssymb} 
\usepackage{amsbsy}
\usepackage{mathrsfs}
\usepackage{upgreek}
\setlength{\oddsidemargin}{-69pt}
\begin{document}$$ p_{\text{LV}} = - p_{{{\text{Trans}},{\text{LW}}}} $$\end{document}$$$$\documentclass[12pt]{minimal}
\usepackage{amsmath}
\usepackage{wasysym} 
\usepackage{amsfonts} 
\usepackage{amssymb} 
\usepackage{amsbsy}
\usepackage{mathrsfs}
\usepackage{upgreek}
\setlength{\oddsidemargin}{-69pt}
\begin{document}$$ p_{\text{RV}} = + p_{{{\text{Trans}},{\text{RW}}}} $$\end{document}$$Note that the minus sign for *p*~LV~ is caused by the definition of *p*~Trans~, which is positive for a negative *x*-gradient of pressure in the wall segment.

Mechanics of the Ventricular Wall Segment {#Sec5}
-----------------------------------------

In this section, it is shown for a wall segment (Fig. [2](#Fig2){ref-type="fig"}c) how *V*~m~ and *y*~m~ are used to calculate axial and radial midwall tension components *T*~x~ and *T*~y~, and transmural pressure *p*~Trans~. For that purpose, a model of the mechanics of a curved wall patch is applied. Such curved wall patch is defined as a fraction of a spherical wall segment with midwall surface area *A*~m~ and curvature *C*~m~. This latter model renders representative midwall tension from midwall surface area *A*~m~ and curvature *C*~m~ and will be derived in the next section discussing mechanics of the curved wall patch.

Wall segment geometry is most conveniently described by radius *y*~m~ of the junction circle and distance *x*~m~ between plane of junction circle and center of midwall surface (Fig. [2](#Fig2){ref-type="fig"}c). *V*~m~, *A*~m~, and *C*~m~ depend on *x*~m~ and *y*~m~ by$$\documentclass[12pt]{minimal}
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\begin{document}$$ C_{\text{m}} = {\frac{{2x_{\text{m}} }}{{(x_{\text{m}}^{2} + y_{\text{m}}^{2} )}}} $$\end{document}$$First, *x*~m~ is calculated from *y*~m~ and *V*~m~ by solving Eq. ([9](#Equ9){ref-type=""}). Second, *A*~m~ and *C*~m~ are determined with Eqs. ([10](#Equ10){ref-type=""}) and ([11](#Equ11){ref-type=""}). Next, *A*~m~ and *C*~m~ are used to calculate representative midwall tension *T*~m~, applying a model of the mechanics of a curved wall patch as discussed in the next section.

At the circular boundary of the midwall surface (Fig. [2](#Fig2){ref-type="fig"}c), geometric parameters *x*~m~ and *y*~m~, and midwall tension *T*~m~ are used to calculate axial (*T*~x~) and radial (*T*~y~) tension components:$$\documentclass[12pt]{minimal}
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Transmural pressure *p*~Trans~ equals total axial force. Consequently, *p*~Trans~ is calculated by multiplying *T*~x~ by the ratio of length of the junction contour (2*πy*~m~) to area of the junction circle (*πy*~m~^2^):$$\documentclass[12pt]{minimal}
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Mechanics of the Curved Wall Patch {#Sec6}
----------------------------------

In this section, it is shown how midwall surface area *A*~m~ and curvature *C*~m~ are used to calculate representative midwall tension *T*~m~. For that purpose, a constitutive model of myofiber mechanics is applied. This latter model renders Cauchy myofiber stress from natural myofiber strain and is presented in [Appendix B](#App1){ref-type="app"}.

In the ventricular module, originally implemented in the CircAdapt model,[@CR3] the one-fiber model developed by Arts *et al.*[@CR2] was used to relate ventricular pump mechanics, as described by cavity pressure and volume, to myofiber mechanics, as described by myofiber stress and strain. When assembling three wall segments to a ventricular composite with two cavities, contractile function of a wall segment, as described by representative midwall tension and area change, should be put between mechanics of cavity and myofiber. The following conditions should be satisfied. First, when folding a wall segment to a completely closed spherical surface, the relation between pump mechanics and myofiber mechanics should be equivalent to the equations of the one-fiber model. Second, like in the one-fiber model, where contractile myofiber work equals ventricular pump work, summed pump work of both cavities should be equal to summed work as generated by the three walls. Furthermore, within each wall segment, work as delivered by the wall through wall tension and changes of geometry, should be equal to the work generated by the myofibers.

In [Appendix A](#App1){ref-type="app"}, it is shown that such a model of wall segment mechanics can be found, although the derivation is quite complex. Because the shape of the midwall area is not relevant for the balance of work, the relations are extended to the more general case of a spherical wall patch with arbitrary shape of the boundary. Thus, for a wall patch it is found that natural myofiber strain *ε*~f~ depends on midwall surface area *A*~m~ and curvature *C*~m~ by the following approximation (relative error \<1%), as derived in [Appendix A](#App1){ref-type="app"}:$$\documentclass[12pt]{minimal}
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\begin{document}$$ \varepsilon_{\text{f}} \approx {\frac{1}{2}}\ln \left( {{\frac{{A_{\text{m}} }}{{A_{\text{m,ref}} }}}} \right) - {\frac{1}{12}}z^{2} - 0.019z^{4} \quad {\text{ with}}\quad \, z = {\frac{{3C_{\text{m}} V_{\text{w}} }}{{2A_{\text{m}} }}} $$\end{document}$$where *A*~m,ref~ represents reference midwall surface area. Note that the dimensionless curvature parameter *z* is closely related to the dimensionless ratio of wall thickness to radius of curvature. With a constitutive model of the myofiber ([Appendix B](#App1){ref-type="app"}), natural myofiber strain *ε*~f~ is used to calculate Cauchy myofiber stress *σ*~f~. In [Appendix A](#App1){ref-type="app"}, it is derived how myofiber stress and wall segment geometry are used to calculate representative midwall tension *T*~m~. It holds by approximation (relative error \<2%):$$\documentclass[12pt]{minimal}
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Implementation of TriSeg Model in CircAdapt Model {#Sec7}
-------------------------------------------------

The TriSeg model of ventricular mechanics is incorporated in the existing CircAdapt model of the whole circulation.[@CR3] This latter model supplies the required hemodynamic boundary conditions, i.e., LV and RV cavity volumes. The CircAdapt model is designed as a network of modules representing cardiac chambers, valves, large blood vessels, and peripheral resistances. Extended with the TriSeg model, the CircAdapt model allows beat-to-beat simulation of time-dependent ventricular mechanics and hemodynamics, e.g., ventricular cavity volumes and pressures, geometries and representative myofiber mechanics of ventricular walls, and flows through valves. An important feature of the existing CircAdapt model is that the number of independent parameters is reduced by incorporating adaptation of cavity size and wall mass of cardiac chambers and blood vessels to mechanical load so that stresses and strains in the walls of heart and blood vessels are normalized to tissue-specific physiological standard levels.

The model was initialized using realistic estimates of wall volume *V*~w~, reference midwall surface area *A*~m,ref~, and reference sarcomere length *L*~s,ref~ (Table [1](#Tab1){ref-type="table"}: *Parameter values for model initialization*). After model initialization, these parameters will be obtained for each wall segment by load adaptation as described in the "Simulations" section. The actual parameter values chosen for initialization (Table [1](#Tab1){ref-type="table"}) are noncritical due to load adaptation. However, for fast convergence to steady-state adaptation, these estimates were chosen in physiological range.Table 1Input parameter values for NORM and PH simulationsParameterUnitValue*Hemodynamics at rest*Mean systemic arterial blood pressurekPa12.2Mean systemic blood flowmL s^−1^85Cardiac cycle times0.850Mean pulmonary arteriovenous pressure dropkPa1.5 (NORM)*Interventions with exercise*Mean systemic blood flowmL s^−1^255Cardiac cycle times0.425*Set point values for adaptation*Mean flow velocity in large blood vessels (rest)m s^−1^0.17Maximum vascular wall stress (exercise)kPa500Maximum sarcomere length (exercise)μm2.2Minimum sarcomere length (exercise)μm1.75Maximum passive myofiber stress (exercise)kPa10 (LW), 8 (SW), 20 (RW)*Interventions with PH simulations*Mean pulmonary arteriovenous pressure dropkPa3.0 (PHAc1 and PHCh1), 4.5 (PHAc2 and PHCh2), 6.0 (PHAc3 and PHCh3)*Parameter values for model initialization*Wall volume (*V*~w~)mL75 (LW), 40 (SW), 30 (RW)Reference midwall surface area (*A*~m,ref~)cm^2^80 (LW), 45 (SW), 100 (RW)Reference sarcomere length (*L*~s,ref~)μm2.0 (LW, SW, and RW)Septal midwall volume (*V*~m,SW~)mL42Radius of midwall junction circle (*y*~m~)cm3.3LW, left ventricular free wall; NORM, normal simulation; PHAc, acute pulmonary hypertension simulation; PHCh, chronic pulmonary hypertension simulation; RW, right ventricular free wall; SW, septal wall

The set of differential equations that describe the CircAdapt model, including the TriSeg module, was solved by numerical integration with time steps of 2 ms using the ODE113 function in MATLAB 7.1.0 (MathWorks, Natick, MA). Simulation time of a single cardiac cycle was less than 7 s on a Windows XP™ platform (version 2002) with a 2.00 GHz Intel^®^ Core™2 Duo T7250 processor and 1 GB of RAM.

Simulations {#Sec8}
-----------

The TriSeg model, as integrated in the CircAdapt model, was tested by simulation of human ventricular mechanics and hemodynamics with (1) normal ventricular loading conditions (NORM), (2) acute pulmonary hypertension (PHAc), and (3) chronic pulmonary hypertension including adaptation (PHCh). All simulations are presented with similar values of mean systemic blood flow (cardiac output), cardiac cycle time (heart rate), and mean systemic arterial blood pressure, simulating hemodynamics at rest (Table [1](#Tab1){ref-type="table"}: *Hemodynamics at rest*).

### NORM Simulation {#Sec9}

The diameter of large blood vessels was assumed to be determined by adaptation to mean chronic circumstances, which state is most closely described by the condition of rest (Table [1](#Tab1){ref-type="table"}: *Hemodynamics at rest*). However, geometry of the heart and wall thickness of large blood vessels were considered to be a result of adaptation to a state of moderate exercise, thus simulating the effect of relatively short periods of training by exercise. The applied simulation protocol of adaptation has been described earlier.[@CR3] Briefly recapitulating, with resting hemodynamics (Table [1](#Tab1){ref-type="table"}: *Hemodynamics at rest*), diameters of the large blood vessels were adapted until mean blood flow velocity reached the set point value (Table [1](#Tab1){ref-type="table"}: *Set point values for adaptation*). Next, a moderate state of exercise was simulated by tripling cardiac output and doubling heart rate (Table [1](#Tab1){ref-type="table"}: *Interventions with exercise*). Under these circumstances, wall volume (*V*~w~) and reference midwall surface area (*A*~m,ref~) of all cardiac wall segments were adapted until maximum and minimum sarcomere length as well as maximum passive myofiber stress reached the set point values of adaptation with exercise (Table [1](#Tab1){ref-type="table"}). Also, wall thickness of the blood vessels was adapted until maximum wall stress was equal to the set point value (Table [1](#Tab1){ref-type="table"}). Next, hemodynamics were returned to rest conditions and the above-mentioned adaptation protocol was repeated two or three times until steady-state geometry was reached (\<1% deviation from set point values). In total, finding the steady-state adapted NORM simulation required simulation of about 100--200 cardiac cycles.

### PHAc and PHCh Simulations {#Sec10}

The NORM simulation was used as point of departure for simulation of ventricular mechanics and hemodynamics with increased pulmonary resistance. Steady-state simulations (PHAc1, PHAc2, and PHAc3), representing increasing degrees of acute pulmonary hypertension, were obtained by acute increase of mean pulmonary arteriovenous pressure drop in three steps without adaptation (Table [1](#Tab1){ref-type="table"}: *Interventions with PH simulations*). Finally, adaptation was applied to the three steady-state PHAc simulations following the same protocol used for the NORM simulation. This resulted in three steady-state simulations (PHCh1, PHCh2, and PHCh3, respectively), representing gradually increasing degrees of chronic pulmonary hypertension at rest.

Simulation Data Analysis {#Sec11}
------------------------

### Ventricular Pump Mechanics and Hemodynamics {#Sec12}

Simulated time courses of normal (NORM) LV and RV pressures, volumes, and flows were compared with physiological data obtained in normal subjects.[@CR26],[@CR29],[@CR54],[@CR62],[@CR63] Area of ventricular pressure--volume relation was calculated to quantify ventricular pump stroke work (*W*~stroke~) for the LV and RV. Time courses of blood flow velocities through the mitral, aortic, tricuspid, and pulmonary valves were used to study the effects of chronic pulmonary hypertension on ventricular hemodynamics. For comparison with clinical data obtained in healthy subjects and in patients with chronic pulmonary hypertension,[@CR9],[@CR62] several timing parameters of RV hemodynamics were quantified for the NORM and PHCh simulations. RV ejection time (ET) was quantified as the time from pulmonary valve opening to closure, acceleration time of pulmonary flow (AT) as the time from pulmonary valve opening to moment of maximal pulmonary flow velocity, RV isovolumic contraction time (ICT) as the time from tricuspid valve closure to pulmonary valve opening, and RV isovolumic relaxation time (IRT) as the time from pulmonary valve closure to tricuspid valve opening.

### Tissue Mechanics {#Sec13}

Area of myofiber stress--strain relation was calculated to quantify stroke work density (*w*~stroke~) for the LW, SW, and RW. Stroke work density was defined as contractile myofiber stroke work per unit of tissue volume.

### Ventricular Wall Geometry {#Sec14}

End-diastolic wall thicknesses (*H*~ed~) were calculated as wall volume divided by end-diastolic midwall surface area. End-diastole was defined as the moment of mitral valve closure. Furthermore, time courses of LW, SW, and RW midwall curvatures were used to assess acute and chronic effects of increase of pulmonary resistance on wall curvatures. The relation between septal geometry and the transseptal pressure gradient in the TriSeg model was compared with the relation found in patients with and without chronic pulmonary hypertension.[@CR17] For that purpose, curvature ratio (CR) was calculated as the SW/LW midwall curvature ratio at the moment of aortic valve closure, whereas transmural pressure ratio (PR) was defined as the difference between maximum LV and RV pressures divided by maximum LV pressure.

Results {#Sec15}
=======

Simulation of Normal Physiology (NORM) {#Sec16}
--------------------------------------

Figure [4](#Fig4){ref-type="fig"} shows simulated time courses of ventricular cavity pressures and volumes, aortic and pulmonary artery pressures, and flows through arterial and atrioventricular valves under normal ventricular loading conditions (NORM). These time courses show agreement with physiological data on the following aspects: (1) LV and RV cavity pressures and volumes rise at the end of diastole as a result of atrial contraction, (2) time courses of mitral and tricuspid valve flows show an early passive filling wave (E) followed by a clearly separated late filling wave (A) resulting from atrial contraction,[@CR26] (3) LV and RV end-diastolic volumes are not significantly different,[@CR54] (4) RV ejection starts earlier and ends later than LV ejection,[@CR29] and (5) durations of LV isovolumic contraction and relaxation exceed the corresponding RV time intervals (Fig. [4](#Fig4){ref-type="fig"}, bottom panel).[@CR62],[@CR63] Steady-state adaptation rendered LW, SW, and RW wall volumes of 76, 38, and 31 mL, respectively. Wall thicknesses *H*~ed,LW~ and *H*~ed,SW~ were almost equal and three times as large as *H*~ed,RW~ (Table [2](#Tab2){ref-type="table"}).Figure 4Simulated time courses of normal (NORM) LV and RV hemodynamics at rest. The bar plot (bottom panel) displays RV and LV ejection, filling, and isovolumic contraction and relaxation periods. Note that simulation duration amounts to one and a half cardiac cycle. Symbols: A, late active ventricular filling wave; E, early passive ventricular filling wave; IC, isovolumic contraction; IR, isovolumic relaxation; LV, left ventricular; *p*~ao~, aortic pressure; *p*~LV~, left ventricular pressure; *p*~pa~, pulmonary artery pressure; *p*~RV~, right ventricular pressure; *q*~ao~, aortic valve flow; *q*~mi~, mitral valve flow; *q*~pv~, pulmonary valve flow; *q*~tr~, tricuspid valve flow; RV, right ventricular; *V*~LV~, left ventricular cavity volume; and *V*~RV~, right ventricular cavity volumeTable 2Simulation results: ventricular wall thicknessParameterUnitNORMPHAcPHCh123123*End-diastolic wall thicknessH*~ed,LW~mm7.97.87.67.38.38.28.3*H*~ed,SW~mm6.86.97.06.96.76.96.5*H*~ed,RW~mm2.32.12.01.73.34.25.1*H*~ed~, end-diastolic wall thickness; LV, left ventricular; LW, left ventricular free wall; NORM, normal simulation; PHAc, acute pulmonary hypertension simulation; PHCh, chronic pulmonary hypertension simulation; RV, right ventricular; RW, right ventricular free wall; SW, septal wall

Simulations of Acute Pulmonary Hypertension (PHAc) {#Sec17}
--------------------------------------------------

The upper panel row of Fig. [5](#Fig5){ref-type="fig"} illustrates simulated ventricular pressure--volume loops under normal loading conditions (NORM) and with acutely increased pulmonary resistance (PHAc1, PHAc2, and PHAc3). With increasing pulmonary resistance, RV cavity volume, systolic and diastolic RV pressures, mean pulmonary artery pressure, and RV pump work (Table [3](#Tab3){ref-type="table"}) increased, while LV cavity volume and pump work were relatively unaffected. The middle panel row of Fig. [5](#Fig5){ref-type="fig"} shows stress--strain loops of the myofibers in the ventricular wall segments. Acute rise of pulmonary resistance caused increase of RW myofiber stress, myofiber strain, and stroke work density, while it caused decrease of LW and SW stroke work densities (Table [3](#Tab3){ref-type="table"}). The lower panel row of Fig. [5](#Fig5){ref-type="fig"} illustrates time courses of LW, SW, and RW midwall curvatures. With increasing pulmonary resistance, SW midwall curvature decreased predominantly during diastole. In the PHAc3 simulation, the septum even flattened to zero curvature and bulged shortly toward the LV free wall (negative curvature) during early diastole. LW and RW curvatures appeared relatively insensitive to acute changes of pulmonary resistance. With increasing pulmonary resistance (Table [2](#Tab2){ref-type="table"}), *H*~ed,RW~ decreased maximally by 26% in PHAc3 relative to NORM, *H*~ed,LW~ decreased maximally by 8%, whereas *H*~ed,SW~ increased only 1%.Figure 5Simulated ventricular pressure--volume loops, myofiber stress--strain loops, and time courses of midwall curvatures under normal (NORM) and acute pulmonary hypertensive (PHAc1, PHAc2, and PHAc3) ventricular loading conditions. Acute increase of pulmonary resistance resulted in RV dilatation, increased RV pump work, increased contractile work density in the RV free wall, and decreased septal midwall curvature. Simulation duration amounts to one cardiac cycle. LV ejection is indicated in the curvature plots. Abbreviations: LV, left ventricular; LW, left ventricular free wall; RV, right ventricular; RW, right ventricular free wall; and SW, septal wall. \*Note that the absolute value of LW midwall curvature is used for graphical representation, while this curvature is defined to be negative in the TriSeg modelTable 3Simulation results: pulmonary artery pressures and ventricular workParameterUnitNORMPHAcPHCh123123*Ventricular pump stroke workW*~stroke,LV~Pa m^3^1.041.041.031.021.051.041.04*W*~stroke,RV~Pa m^3^0.220.320.420.510.350.480.61*Stroke work densityw*~stroke,LW~kPa9.419.549.328.668.888.908.78*w*~stroke,SW~kPa8.948.287.546.159.198.668.49*w*~stroke,RW~kPa7.9111.6615.9421.598.599.139.48*Mean pulmonary artery pressurep*~pa~kPa2.043.565.116.773.535.006.47LV, left ventricular; LW, left ventricular free wall; NORM, normal simulation; PHAc, acute pulmonary hypertension simulation; PHCh, chronic pulmonary hypertension simulation; *p*~pa~, mean pulmonary artery pressure; RV, right ventricular; RW, right ventricular free wall; SW, septal wall; *w*~stroke~, stroke work density; *W*~stroke~, ventricular pump stroke work

Simulations of Chronic Pulmonary Hypertension (PHCh) {#Sec18}
----------------------------------------------------

Figure [6](#Fig6){ref-type="fig"} illustrates graphs of the same variables as presented in Fig. [5](#Fig5){ref-type="fig"}, but now rendered after adaptation to increased pulmonary resistance (PHCh1, PHCh2, and PHCh3). Like in absence of adaptation, systolic and diastolic RV pressures, mean pulmonary artery pressure, and RV pump work were elevated with chronic pulmonary hypertension (Table [3](#Tab3){ref-type="table"}), while LV pump function remained relatively unaffected. In contrast to the PHAc simulations, RV cavity volume decreased 8% in the PHCh3 simulation (Fig. [6](#Fig6){ref-type="fig"}). The myofiber stress--strain loops in Fig. [6](#Fig6){ref-type="fig"} show that adaptation resulted in a more homogeneous distribution of stroke work density in the ventricular walls (Table [3](#Tab3){ref-type="table"}). In the PHCh3 simulation, RW stroke work density was increased (20%), whereas LW and SW stroke work densities were decreased (7 and 5%, respectively) relative to the NORM simulation. Increase of pulmonary resistance with load adaptation resulted in the following changes of ventricular geometry. Mean SW curvature (Fig. [6](#Fig6){ref-type="fig"}) decreased linearly with increasing pulmonary resistance, while the shape of the time course was preserved. LW and RW curvatures were practically unaffected. Relative to the NORM simulation, *H*~ed,RW~ increased up to 120% in PHCh3, whereas changes of *H*~ed,LW~ and *H*~ed,SW~ were small (\<5%) (Table [2](#Tab2){ref-type="table"}).Figure 6Simulated ventricular pressure--volume loops, myofiber stress--strain loops, and time courses of midwall curvatures under normal (NORM) and chronic pulmonary hypertensive (PHCh1, PHCh2, and PHCh3) ventricular loading conditions. Chronic increase of pulmonary resistance including adaptation resulted in increase of RV pump work, homogeneity of contractile work densities in the walls, and linear decrease of septal midwall curvature. Simulation duration amounts to one cardiac cycle. LV ejection is indicated in the curvature plots. Abbreviations: LV, left ventricular; LW, left ventricular free wall; RV, right ventricular; RW, right ventricular free wall; and SW, septal wall. \*Note that the absolute value of LW midwall curvature is used for graphical representation, while this curvature is defined to be negative in the TriSeg model

In Fig. [7](#Fig7){ref-type="fig"}, time courses of LV and RV inflow and outflow velocities are shown for the NORM and PHCh simulations. With increasing pulmonary resistance, pulmonary and tricuspid valve flow velocities changed significantly relative to the NORM simulation, whereas aortic and mitral valve flow velocities remained relatively unaffected. Furthermore, in Fig. [7](#Fig7){ref-type="fig"}, RV ejection time (ET), acceleration time of pulmonary flow (AT), RV isovolumic contraction time (ICT), and RV isovolumic relaxation time (IRT) are indicated for the NORM simulation. In Fig. [8](#Fig8){ref-type="fig"}, changes of these timing parameters are compared with the changes as observed in clinical studies among normal individuals and patients with chronic pulmonary hypertension.[@CR9],[@CR62] In the simulations, chronic increase of pulmonary resistance caused decrease of AT and AT/ET-ratio, indicating increase of pulmonary flow curve skewness. This is in accordance with measurements as obtained in patients with chronic pulmonary hypertension.[@CR9] Furthermore, simulated ICT and IRT lengthened (maximally 163% and 47% in the PHCh3 simulation, respectively). The ratio of total RV isovolumic time (ICT + IRT) to ET almost doubled. Again, the simulated changes were similar to the changes as observed in patients with pulmonary hypertension.[@CR62] Furthermore, the tricuspid early filling wave narrowed and the tricuspid E/A-ratio of peak atrioventricular flow during early filling (E) to that during atrial contraction (A) decreased from 1.49 in the NORM simulation to unity in the PHCh3 simulation.Figure 7Simulated time courses of pulmonary and tricuspid valve flow velocities (upper two panels) show lengthening of RV isovolumic contraction, shortening of RV ejection, and increase of pulmonary flow acceleration after adaptation to increased pulmonary resistance (PHCh1, PHCh2, and PHCh3). Aortic and mitral valve flow velocities (lower two panels) appear relatively insensitive to increase of pulmonary resistance. Simulation duration amounts to one cardiac cycle. The following time intervals are indicated for the NORM simulation: AT, acceleration time of pulmonary valve flow; ET, RV ejection time; ICT, RV isovolumic contraction time; and IRT, RV isovolumic relaxation time. Symbols: A, late active ventricular filling wave; and E, early passive ventricular filling waveFigure 8Comparison of simulated and patient data on timing of RV hemodynamics. Simulated changes of AT, ET, ICT, and IRT as chronic response to increased pulmonary resistance agree with measurements obtained in healthy normals and patients with pulmonary hypertension \[adapted from Bossone *et al.*[@CR9] (upper row) and Tei *et al.*[@CR62] (lower row)\]. Patient data are presented by mean values with standard deviations indicated by error bars. Symbols: AT, pulmonary flow acceleration time; ET, RV ejection time; ICT, RV isovolumic contraction time; and IRT, RV isovolumic relaxation time

Figure [9](#Fig9){ref-type="fig"} shows simulated time courses of SW/LW transmural pressure ratio and SW/LW midwall curvature ratio. SW transmural pressure was quantified as LV cavity pressure minus RV cavity pressure, while LW transmural pressure was quantified as LV cavity pressure. At each time point in the cardiac cycle, both ratios decreased linearly with increase of pulmonary resistance.Figure 9Simulated time courses of SW/LW transmural pressure ratio (upper panel) and SW/LW midwall curvature ratio (lower panel) appear similar revealing a linear relation between both ratios at each time point in the cardiac cycle. Simulation duration amounts to one cardiac cycle. Duration of LV ejection is indicated by vertical dashed lines

Both CR and PR decreased with increase of pulmonary resistance (Table [4](#Tab4){ref-type="table"}). Figure [10](#Fig10){ref-type="fig"} shows the relation between CR and PR, as derived from the NORM and PHCh simulations, as well as the relation found among patients with and without pulmonary hypertension.[@CR17] In this latter patient population, pulmonary hypertension was defined as an RV systolic pressure \>40 mmHg. Linear regression analysis of data points as derived from the NORM and PHCh simulations revealed a strong correlation (*r*^2^ = 1.00, SEE = 0.008) between CR and PR with similar slope as the relation found in patients (*r*^2^ = 0.73, SEE = 0.044). In the simulations, however, an offset was found, shifting the relation to higher CR values (Fig. [10](#Fig10){ref-type="fig"}). It is noted (not shown) that although acute change (±20%) of mean systemic flow or mean arterial blood pressure affected CR and PR, their interdependence followed the linear relation as derived from the chronic simulations within 2% deviation. The same holds for the data points derived from the PHAc1 and PHAc2 simulations, while for the PHAc3 simulation the deviation was more than 10% (Table [4](#Tab4){ref-type="table"}, not shown in Fig. [10](#Fig10){ref-type="fig"}).Table 4Simulation results: curvature ratio and transmural pressure ratioParameterUnitNORMPHAcPHCh123123CR--0.940.850.720.540.810.670.55PR--0.780.680.570.460.650.520.40CR, septal-to-LV free wall midwall curvature ratio at the moment of aortic valve closure; NORM, normal simulation; PHAc, acute pulmonary hypertension simulation; PHCh, chronic pulmonary hypertension simulation; PR, systolic septal-to-LV free wall transmural pressure ratioFigure 10Simulation results on the correlation between curvature ratio CR and transmural pressure ratio PR (black data points), see text for definitions, as compared with the relation extracted from data (gray data points) obtained in patients with and without pulmonary hypertension (PH = RV systolic pressure \> 40 mmHg) \[adapted from Dellegrottaglie *et al.*[@CR17]\]. Linear regression analysis of data points as derived from the NORM and PHCh simulations revealed a strong correlation (bold black line, *r*^2^ = 1.00, SEE = 0.008) between CR and PR with similar slope as the relation found in patients (thick gray dashed line, *r*^2^ = 0.73, SEE = 0.044). The thin dashed lines indicate the 95% confidence interval of linear regression fit to the patient data. Linear regression formulas are shown for simulated as well as measured data points. Symbols: *r*, regression residual and SEE, standard error of the estimate

Discussion {#Sec19}
==========

The newly designed TriSeg model of ventricular mechanics incorporates mechanical interaction of the LV free wall, RV free wall, and septal wall resulting in a strong coupling of LV and RV pump mechanics and hemodynamics. The TriSeg model was successfully implemented as a module in the available CircAdapt model, simulating cardiac mechanics and hemodynamics of the closed-loop circulation. Effects of ventricular interaction on cardiac mechanics and hemodynamics were assessed by simulation of pulmonary hypertension in the acute phase as well as in the chronic phase, the latter implying adaptation of ventricular geometry to mechanical load. For chronic pulmonary hypertension, simulated ventricular geometry, hemodynamics, and septal mechanics agreed surprisingly well with corresponding measurements in patients.

Model Assumptions {#Sec20}
-----------------

In the TriSeg model, ventricular geometry was approximated by three thick-walled spherical segments encapsulating the LV and RV cavities (Fig. [2](#Fig2){ref-type="fig"}a). In reality, the ventricular cavities are enclosed by truncated ellipsoidal muscular walls and the noncontractile basal sheet with valves.[@CR58] The simplification to spherical segments without a noncontractile sheet resulted in a general underestimation of ventricular dimensions. Although the fact that there are indications that bending stiffness of the myocardium may be important for simulation of septal geometry,[@CR7],[@CR21] we neglected this effect for simplicity. Despite these inaccuracies, relative changes of dimensions during the cardiac cycle as a result of adaptation were simulated realistically.

In the TriSeg model, myofiber strain was estimated from midwall curvature, area, and wall volume by application of the one-fiber model[@CR2] to a spherical wall segment (Eq. [15](#Equ15){ref-type=""} and [Appendix A](#App1){ref-type="app"}). The one-fiber model has been shown to be insensitive to actual wall geometry by assuming conservation of energy and homogeneity of fiber stress in the wall.[@CR2] So, we expected that the present relation for transmural pressure as a function of midwall surface area and curvature was also applicable to the real, more irregular cardiac geometry, although this fact has not been proven.

The analytically derived dependency of myofiber strain on wall segment geometry (Eq. [A7](#Equ23){ref-type=""}) appeared continuous and differentiable around *z* = 0. To avoid numerical inaccuracy near zero curvature, because of zero-division, a fourth-order Taylor series approximation (Eq. [15](#Equ15){ref-type=""}) was used instead. For similar reasons, Eq. ([A4](#Equ20){ref-type=""}) for midwall tension was also approximated by a fourth-order Taylor series (Eq. [16](#Equ16){ref-type=""}). Within the physiological range of ventricular geometry, the errors of the approximations as compared to the analytically derived relations were smaller than 1% and 2% for strain and tension, respectively. With respect to total ventricular pump work, total myofiber stroke work was overestimated less than 2.6%, whereas total tensile stroke work at the midwall surface was underestimated less than 0.5%.

In the NORM and PHCh simulations, a load-controlling adaptation mechanism was applied to render size and mass of each wall segment. The applied adaptation rules required prescribed values for maximum and minimum sarcomere lengths and for maximum passive myofiber stress in each wall segment (Table [1](#Tab1){ref-type="table"}). Maximum and minimum sarcomere lengths were derived from experiments on isolated cardiac muscle of the rat.[@CR15],[@CR31],[@CR64] Maximum passive myofiber stress was chosen as adaptation stimulus because experimental data obtained in dogs with chronic volume overload suggested that end-diastolic myofiber stress and ejection strain were important mechanical stimuli for hypertrophy, while peak systolic myofiber stress appeared irrelevant.[@CR22] However, when assuming similar values of maximum passive myofiber stress in the three ventricular walls of the TriSeg model, ventricular geometry did not develop anatomically accurate. Therefore, in our model, we adjusted levels of maximum diastolic stress per wall segment (Table [1](#Tab1){ref-type="table"}) so that after adaptation the weight ratios for the walls agreed with findings in healthy volunteers.[@CR19],[@CR28]

In this study, the external pressure surrounding the LV and RV free walls was assumed to be zero. The real heart is surrounded by the pericardium, which constrains increase of total heart volume during volume overload. Under resting conditions, the pericardium is believed to play a minor role, setting pericardial pressure close to zero.[@CR42],[@CR46],[@CR67] However, with acute increase of total heart volume, the pericardium affects cardiac hemodynamics and interaction of the cardiac chambers significantly.[@CR6],[@CR11],[@CR25] In our simulations of acute pulmonary hypertension (PHAc), the effect of the pericardium should be considered because of severe RV dilatation (Fig. [5](#Fig5){ref-type="fig"}). In the PHAc3 simulation, RV cavity volume even increased by 120% relative to the NORM simulation. Together with the changes of right atrial and LV cavity volumes (45% increase and 10% decrease, respectively), total heart volume increased by 25%. In the chronic PH simulations, the effect of the pericardium on ventricular mechanics is likely to be of minor importance, because measurements demonstrated adaptive dilatation of the pericardium in patients with chronic pulmonary hypertension.[@CR8],[@CR24]

Comparison of Model Simulations with Measurements {#Sec21}
-------------------------------------------------

The relation between curvature ratio CR and transmural pressure ratio PR as extracted from the NORM and PHCh simulations (Fig. [10](#Fig10){ref-type="fig"}) agreed quite well with the relation as found in a patient group consisting of patients with and without chronic pulmonary hypertension.[@CR17] The relations were about linear with equal slope. In the simulations, however, an offset was found, shifting the relation to higher CR values, implying overestimation of septal curvature for a given right-to-left pressure ratio.

The overestimation of septal curvature may have many causes. In the model, wall geometry was considered spherical having a clear unique radius of curvature by definition. The real ventricular walls are not spherical,[@CR58] implying that radii of curvature along the circumferential and base-to-apex direction are different. Also, the junction of the real ventricular walls is smoothed over the wall boundaries, thus further hindering a clear definition of curvature. Besides an error in the curvature ratio as derived from the simulations, the offset might originate from a systematic error in the pressure or curvature measurements obtained in patients as discussed by Dellegrottaglie *et al.*[@CR17] Nonetheless, the linear relationship between CR and PR might be a useful tool for noninvasive estimation of systolic RV cavity pressure in patients with RV pressure overload.[@CR17],[@CR35],[@CR51] In the simulations, the linear relation appeared also valid (\<2% deviation) for the PHAc1 and PHAc2 simulations (Table [4](#Tab4){ref-type="table"}) as well as after acute changes (±20%) of mean arterial pressure and cardiac output in the chronic pulmonary hypertension simulations (not shown in Fig. [10](#Fig10){ref-type="fig"}). The latter findings suggested that the linear relation between CR and PR is insensitive to acute changes of hemodynamic status.

Experimental studies with acute manipulation of transseptal pressure difference as well as clinical studies among patients with chronic pulmonary hypertension showed that septal curvature and position of the septum between the LV and RV free walls depend instantaneously on transseptal pressure difference.[@CR10],[@CR20],[@CR21],[@CR35],[@CR36],[@CR52] This dependency was found during systole as well as diastole. Similar dependencies were found in our simulations of pulmonary hypertension. Septal curvature decreased with increase of pulmonary resistance (Figs. [5](#Fig5){ref-type="fig"} and [6](#Fig6){ref-type="fig"}). Furthermore, leftward shift of the septum, increase of RV volume, and decrease of LV volume with acute increase of pulmonary resistance (Fig. [5](#Fig5){ref-type="fig"}), as predicted by the TriSeg model, were also predicted by Kerckhoffs *et al.*[@CR34] using a finite element model of the ventricles coupled to a lumped circulation model.

Simulations and clinical observations were in agreement concerning changes in timing of cardiac flow events due to pulmonary hypertension (Figs. [7](#Fig7){ref-type="fig"} and [8](#Fig8){ref-type="fig"}). For example, acceleration time of pulmonary flow velocity was significantly decreased and varied linearly with mean pulmonary artery pressure.[@CR9],[@CR14] Furthermore, RV isovolumic contraction and relaxation times increased while pulmonary ejection time decreased.[@CR62],[@CR70] Moreover, tricuspid E/A-ratio was decreased in patients with chronic pulmonary hypertension indicating deterioration of RV diastolic function.[@CR71]

Ventricular wall volumes and end-diastolic wall thicknesses (Table [2](#Tab2){ref-type="table"}) in the NORM simulation were all about 25% smaller than values measured in healthy volunteers.[@CR19],[@CR28],[@CR57] This difference most likely resulted from an overestimation of contractility used in the sarcomere mechanics model ([Appendix B](#App1){ref-type="app"}, Eq. [B7](#Equ37){ref-type=""}), causing walls to be thinner after adaptation to mechanical load. Furthermore, pulmonary acceleration and ejection times as derived from the NORM simulation (Fig. [8](#Fig8){ref-type="fig"}) were underestimated as compared to data obtained in healthy individuals.[@CR9],[@CR27] A probable cause is inaccuracy in the model description of sarcomere mechanics, which is primarily derived from experiments on isolated cardiac muscle of the rat.[@CR15],[@CR31],[@CR64] Human myocardium under *in vivo* conditions is likely to behave differently.

In the PHCh simulations, LV pump function and hemodynamics were relatively unaffected by increase of pulmonary resistance (Figs. [6](#Fig6){ref-type="fig"} and [7](#Fig7){ref-type="fig"}). Also in rats with chronic pulmonary hypertension, resting LV pump function remains unaffected as long as the myocardium is able to compensate for increased tissue load by structural adaptation.[@CR23] Furthermore, in the PHCh simulations, the RV free wall hypertrophied and RV cavity volume decreased (Table [2](#Tab2){ref-type="table"} and Fig. [6](#Fig6){ref-type="fig"}). These geometric changes were in agreement with experimental observations in rats with mild chronic pulmonary hypertension.[@CR49] In the latter study, chronic pulmonary artery banding resulted in an increase of RV systolic pressure from 33 to 71 mmHg. This increase of RV afterload resulted in 76% increase of thickness of the RV free wall and 14% decrease of RV free wall area, which suggests a small reduction in RV cavity volume. In our simulations, RV systolic pressure increased from 27 mmHg in the NORM simulation to 72 mmHg in the PHCh3 simulation (Fig. [6](#Fig6){ref-type="fig"}), end-diastolic wall thickness increased 120% (Table [2](#Tab2){ref-type="table"}), and RV cavity volume decreased 8%. In another animal study in rats,[@CR44] it was shown that structural adaptation to chronic increase of RV afterload was associated with concentric hypertrophy up to a certain level. Beyond this level, however, the myocardium could not fully compensate for further load increase. Consequently, the RV cavity dilated, mainly due to dilatation of the RV free wall. In patients with severe chronic pulmonary hypertension, RV free wall hypertrophy is found to occur together with RV dilatation.[@CR12],[@CR30] Secondary to RV failure, systolic and diastolic LV function deteriorate by ventricular interaction.[@CR38],[@CR39] As a result, cardiac performance deteriorates and exercise capacity reduces.[@CR12],[@CR45] These phenomena indicating RV failure were also found in our PHAc simulations.

In the PHAc simulations, the myocardial tissue was unable to compensate for increased RV afterload by load adaptation. As a result, mechanical myofiber load was inhomogeneously distributed over the ventricular walls (Table [3](#Tab3){ref-type="table"} and Fig. [5](#Fig5){ref-type="fig"}). RW stroke work density increased with increase of RV afterload, whereas LW and SW stroke work densities decreased. In the PHAc3 simulation, RW stroke work density was increased by almost 200% with respect to the NORM simulation. When assuming stroke work density to be correlated to oxygen consumption,[@CR59] this implies an increase of oxygen demand by the RV free wall. Since oxygen supply is not included in our model, the potential effect of perfusion imposed limitations on myocardial performance is unknown in our simulations of pulmonary hypertension.

In patients with pulmonary hypertension, tricuspid regurgitation often occurs due to RV and tricuspid annular dilatation.[@CR18],[@CR65] In our simulations, tricuspid valve regurgitation was not included. In the PHAc3 simulation, RV end-diastolic volume was increased by almost 100% with respect to the NORM simulation. It is likely that the absence of tricuspid regurgitation resulted in underestimation of RV volume overload in the PHAc simulations.

The TriSeg model was successfully integrated as a module in the CircAdapt model of the closed-loop cardiovascular system. As shown previously, the CircAdapt environment is flexible by its modular setup and enables realistic simulation of cardiovascular mechanics and hemodynamics under normal as well as various pathological conditions.[@CR3],[@CR33],[@CR40] A set of physiological adaptation rules, expressing structural adaptation of the system to mechanical load, makes the model self-structuring and reduces the number of independent model parameters. For each ventricular wall segment in the TriSeg model, wall volume, midwall area, and reference sarcomere length were varied so that mechanical myofiber load was normalized to a known physiological level, which was assumed to be the same for all ventricular walls. The field of application of the CircAdapt model was substantially enlarged by implementation of the TriSeg model. In the future, the combined model may be used to study fundamental research questions concerning ventricular interaction and its role in cardiac pathologies. For example, specific material properties may be changed per wall segment in order to study effects of heterogeneity of wall properties on cardiac mechanics and hemodynamics, e.g., asynchronous mechanical activation (and pacing) or a localized myocardial infarct.[@CR33],[@CR40]

Although the TriSeg model can be easily modified to include a description of inhomogeneous myocardial wall properties, a finite element model of cardiac mechanics is more accurate and better suited to describe local inhomogeneities in mechanical load. For patient-specific modeling of the circulation, the model should simulate many cycles in order to find a best match with the available set of measurements. For that purpose, the TriSeg model is to be preferred because calculation effort was about 1,000 times less than that of a finite element approach. The finite element model is absolutely needed to estimate and evaluate possible errors introduced by the applied simplifications of the TriSeg model. Currently, the CircAdapt model with the TriSeg module will be evaluated in its possibility to simulate hemodynamics of pulmonary hypertension patient specifically.

Conclusions {#Sec22}
===========

We presented the TriSeg model of ventricular mechanics and hemodynamics incorporating mechanical interaction of the LV free wall, RV free wall, and septal wall, resulting in a strong coupling of LV and RV hemodynamics. The model enables calculation of LV and RV pressures given the respective cavity volumes. LV and RV hemodynamics are related to myofiber mechanics in the three ventricular walls, satisfying the principle of conservation of energy. The three ventricular walls are mechanically coupled satisfying equilibrium of tensile forces in their junction. After implementation as a module in the lumped closed-loop CircAdapt model of heart and circulation, the TriSeg model enables simulation of ventricular hemodynamics and wall mechanics as functions of time.

Simulations of cardiac mechanics and hemodynamics during normal ventricular loading, acute pulmonary hypertension, and chronic pulmonary hypertension after load adaptation agreed with clinical data as obtained in normal subjects and in chronic pulmonary hypertension patients. With increasing levels of chronic pulmonary hypertension, the TriSeg model predicted increase of systolic pulmonary flow acceleration, increase of isovolumic contraction and relaxation times, and linear decrease of septal-to-LV free wall curvature ratio. Summarizing, the TriSeg model realistically describes ventricular mechanics including the interaction between left and right ventricular pump mechanics, dynamics of septal geometry, and contractile myofiber function in the three ventricular walls.
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Appendix A: Derivations of Mechanics of the Curved Wall Patch {#Sec23}
=============================================================

This appendix contains the analytical derivations of Eqs. ([15](#Equ15){ref-type=""}) and ([16](#Equ16){ref-type=""}) relating mechanics of the curved wall patch to myofiber mechanics. For the derivation of Eq. ([16](#Equ16){ref-type=""}), calculating representative midwall tension *T*~m~ from myofiber stress, the logarithmic one-fiber model relating global ventricular pump mechanics to myofiber mechanics is used.[@CR2] Applying the definition of midwall surface as used in Eqs. ([3](#Equ3){ref-type=""}) and ([4](#Equ4){ref-type=""}), for the ratio of transmural pressure *p*~Trans~ to myofiber stress *σ*~f~ in a closed thick-walled sphere with midwall volume *V*~m~ and wall volume *V*~w~, it holds:$$\documentclass[12pt]{minimal}
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\begin{document}$$ {\frac{{p_{\text{Trans}} }}{{\sigma_{\text{f}} }}} = \left. {{\frac{1}{3}}\ln \left( {{\frac{1 + z}{1 - z}}} \right)} \right|_{\text{sphere}} \;{\text{with}}\;z = \left. {{\frac{{V_{\text{w}} }}{{2V_{\text{m}} }}}} \right|_{\text{sphere}} $$\end{document}$$where the definition of *z* is equivalent to the more general definition used in Eq. ([15](#Equ15){ref-type=""}) for a curved wall patch. For a closed sphere with midwall surface area *A*~m~ and curvature *C*~m~, the relation between *p*~Trans~ and representative midwall tension *T*~m~ is determined by conservation of energy, i.e.,$$\documentclass[12pt]{minimal}
\usepackage{amsmath}
\usepackage{wasysym} 
\usepackage{amsfonts} 
\usepackage{amssymb} 
\usepackage{amsbsy}
\usepackage{mathrsfs}
\usepackage{upgreek}
\setlength{\oddsidemargin}{-69pt}
\begin{document}$$ p_{\text{Trans}} dV_{\text{m}} = \left. {T_{\text{m}} dA_{\text{m}} } \right|_{\text{sphere}} $$\end{document}$$where *dV*~m~ and *dA*~m~ represent small increments of midwall volume and area, respectively. Substitution of *V*~m~ = (4/3)*πr*^3^, *A*~m~ = 4*πr*^2^, and *r* = 1/*C*~m~ in Eq. ([A2](#Equ18){ref-type=""}) yields:$$\documentclass[12pt]{minimal}
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\begin{document}$$ p_{\text{Trans}} = 2T_{\text{m}} C_{\text{m}} $$\end{document}$$

Note that Eq. ([A3](#Equ19){ref-type=""}) represents Laplace's law expressed in such a way that the applied scalar definition of *T*~m~ satisfies conservation of energy (Eq. [A2](#Equ18){ref-type=""}). Although we have derived Eq. ([A3](#Equ19){ref-type=""}) for a complete sphere, it also holds for a fraction of the same sphere, since both curvature *C*~m~ and tension *T*~m~ are local parameters. Thus, Eq. ([A3](#Equ19){ref-type=""}) may also be applied to a spherical wall segment (Fig. [2](#Fig2){ref-type="fig"}c). Substituting Eq. ([A3](#Equ19){ref-type=""}) in Eq. ([A1](#Equ17){ref-type=""}) and applying *C*~m~ = (2*A*~m~*z*)/(3*V*~w~) renders for representative midwall tension *T*~m~ in a curved wall patch:$$\documentclass[12pt]{minimal}
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\begin{document}$$ T_{\text{m}} = {\frac{{\sigma_{\text{f}} V_{\text{w}} }}{{2A_{\text{m}} }}} \cdot {\frac{1}{2z}}\ln \left( {{\frac{1 + z}{1 - z}}} \right) $$\end{document}$$Note that this latter function is continuous around zero curvature. To avoid numerical inaccuracy near *z* = 0, Eq. ([A4](#Equ20){ref-type=""}) is replaced by its close fourth-order polynomial approximation as specified in Eq. ([16](#Equ16){ref-type=""}) (relative error \<2%).

For the derivation of Eq. ([15](#Equ15){ref-type=""}), myofiber strain *ε*~f~ is considered a function of two variables, i.e., *A*~m~ and *C*~m~. Applying the principle of conservation of energy, work of the wall by a small area change *dA*~m~ with tension *T*~m~ equals work of the myofibers by a change of natural myofiber strain *dε*~f~ with Cauchy myofiber stress *σ*~f~:$$\documentclass[12pt]{minimal}
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\begin{document}$$ T_{\text{m}} dA_{\text{m}} = V_{\text{w}} \sigma_{\text{f}} d\varepsilon_{\text{f}} $$\end{document}$$Rearranging Eq. ([A5](#Equ21){ref-type=""}), substituting *T*~m~ with Eq. ([A4](#Equ20){ref-type=""}), and keeping *C*~m~ constant renders the following partial derivative:$$\documentclass[12pt]{minimal}
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\begin{document}$$ {\frac{{\partial \varepsilon_{\text{f}} }}{{\partial A_{\text{m}} }}} = {\frac{1}{{4A_{\text{m}} z}}}\ln \left( {{\frac{1 + z}{1 - z}}} \right)\quad {\text{with}}\;\;z = {\frac{{3C_{\text{m}} V_{\text{w}} }}{{2A_{\text{m}} }}} $$\end{document}$$A standard mathematical solution technique is used to find the general solution of the first-order partial differential equation in Eq. ([A6](#Equ22){ref-type=""}).[@CR16] For that purpose, *ε*~f~ is written as the sum of a strain term *ε*~f,AC~ and a strain term *ε*~f,C~:$$\documentclass[12pt]{minimal}
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\begin{document}$$ \varepsilon_{\text{f}} = \varepsilon_{\text{f,AC}} (A_{\text{m}} ,C_{\text{m}} ) + \varepsilon_{\text{f,C}} (C_{\text{m}} ) $$\end{document}$$

First, integration of Eq. ([A6](#Equ22){ref-type=""}) with respect to *A*~m~ renders strain term *ε*~f,AC~ under the condition that *C*~m~ remains constant during integration:$$\documentclass[12pt]{minimal}
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\begin{document}$$ \varepsilon_{\text{f,AC}} (A_{\text{m}} ,C_{\text{m}} ) = {\frac{1}{2}}\ln \left( {{\frac{{A_{\text{m}} }}{{A_{\text{m,ref}} }}}} \right) + {\frac{1}{4z}}\ln \left( {{\frac{{(1 + z)^{1 + z} }}{{(1 - z)^{1 - z} }}}} \right) $$\end{document}$$where *A*~m,ref~ represents a reference value of midwall surface area *A*~m~. Below, the term *ε*~f,C~ will be derived for a relatively simple special case of inflating a closed sphere. The thus found expression is valid for all combinations of *A*~m~ and *C*~m~. For a closed thick-walled sphere myofiber strain *ε*~f~ is known as a function of *V*~m~. Using the principle that work as generated by the myofibers equals pump work, it holds:$$\documentclass[12pt]{minimal}
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\begin{document}$$ V_{\text{w}} \sigma_{\text{f}} d\varepsilon_{\text{f}} = \left. {p_{\text{Trans}} dV_{\text{m}} } \right|_{\text{sphere}} $$\end{document}$$

Substitution of Eq. ([A1](#Equ17){ref-type=""}) in Eq. ([A9](#Equ25){ref-type=""}) renders for a closed sphere:$$\documentclass[12pt]{minimal}
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\begin{document}$$ {\frac{{d\varepsilon_{\text{f}} }}{{dV_{\text{m}} }}} = \left. {{\frac{1}{{3V_{\text{w}} }}}\ln \left( {{\frac{1 + z}{1 - z}}} \right)} \right|_{\text{sphere}} $$\end{document}$$

Then, midwall volume *V*~m~ and curvature ratio *z* are expressed as functions of curvature *C*~m~:$$\documentclass[12pt]{minimal}
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\begin{document}$$ z = \left. {{\frac{{3V_{\text{w}} C_{\text{m}}^{3} }}{8\pi }}} \right|_{\text{sphere}} $$\end{document}$$Substitution of Eqs. ([A11](#Equ27){ref-type=""}) and ([A12](#Equ28){ref-type=""}) in Eq. ([A10](#Equ26){ref-type=""}) results in a differential equation in *C*~m~ only. Integration of this differential equation with respect to *C*~m~ yields an expression of myofiber strain *ε*~f~ for a closed sphere as function of *C*~m~ (full equation given in [Appendix C](#App1){ref-type="app"}):$$\documentclass[12pt]{minimal}
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\begin{document}$$ \varepsilon_{\text{f}} = \left. {f(C_{\text{m}} )} \right|_{\text{sphere}} $$\end{document}$$

Applying Eq. ([A8](#Equ24){ref-type=""}) to a closed sphere with curvature *C*~m~ and substituting the resulting expression as well as Eq. ([A13](#Equ29){ref-type=""}) in Eq. ([A7](#Equ23){ref-type=""}), results in the unknown strain term *ε*~f,C~ (full equation given in [Appendix C](#App1){ref-type="app"}):$$\documentclass[12pt]{minimal}
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\begin{document}$$ \varepsilon_{\text{f,C}} (C_{\text{m}} ) = \left. {\varepsilon_{\text{f}} } \right|_{\text{sphere}} - \left. {\varepsilon_{\text{f,AC}} (A_{\text{m}} ,C_{\text{m}} )} \right|_{\text{sphere}} $$\end{document}$$

Finally, substitution of Eqs. ([A8](#Equ24){ref-type=""}) and ([A14](#Equ30){ref-type=""}) in Eq. ([A7](#Equ23){ref-type=""}) yields a complicated analytical expression of natural myofiber strain *ε*~f~ in a curved wall patch ([Appendix C](#App1){ref-type="app"}). Mathematica 5.2 (Wolfram Research, Inc) was used to obtain a simpler fourth-order polynomial fit as specified in Eq. ([15](#Equ15){ref-type=""}). This latter expression closely approximates the analytical derivation (relative error \<1%).

Appendix B: Model of Myofiber Mechanics {#Sec24}
=======================================

In this appendix, the applied heuristic relation is presented that converts natural myofiber strain *ε*~f~ to Cauchy myofiber stress *σ*~f~. This empirical representation of sarcomere contraction simulates experiments on isolated rat cardiac muscle.[@CR15],[@CR64] Parameter values are given in Table [B1](#Tab5){ref-type="table"}.Table B1Parameter values of the sarcomere mechanics modelSymbolUnitValueParameter description*C*~rest~--0.02Diastolic resting level of activation*L*~sc0~μm1.51Contractile element length with zero active stress*L*~s,ref~μm2.0Reference sarcomere length at zero strain*L*~se,iso~μm0.04Length of isometrically stressed series elastic element*v*~max~μm s^−1^7Sarcomere shortening velocity with zero load*τ*~D~ms32Factor scaling contraction decay time*τ*~R~ms48Factor scaling contraction rise time*τ*~sc~ms425Factor scaling duration of contraction*σ*~act~kPa120Factor scaling active myofiber stress*σ*~pas~kPa7Factor scaling passive myofiber stress

Natural myofiber strain is converted to sarcomere length *L*~s~ by$$\documentclass[12pt]{minimal}
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\begin{document}$$ L_{\text{s}} = L_{\text{s,ref}} e^{{\varepsilon_{\text{f}} }} $$\end{document}$$

The sarcomere has been modeled as a passive element in parallel with a series combination of a contractile element and series elastic element. The time-dependent behavior is described by two state variables, i.e., contractile element length *L*~sc~ and mechanical activation *C*. This latter activation parameter is physiologically related to intracellular calcium concentration. The time derivative of *L*~sc~ depends linearly on length of the series elastic element (*L*~s~ -- *L*~sc~) and equals zero for isometric contraction:$$\documentclass[12pt]{minimal}
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\begin{document}$$ {\frac{{dL_{\text{sc}} }}{dt}} = \left( {{\frac{{L_{\text{s}} - L_{\text{sc}} }}{{L_{\text{se,iso}} }}} - 1} \right)v_{\max } $$\end{document}$$where *v*~max~ represents velocity of sarcomere shortening with zero load and *L*~se,iso~ length of the isometrically stressed series elastic element (Table [B1](#Tab5){ref-type="table"}). Dependence on *v*~max~ represents the myofiber force--velocity relation so that shortening velocity increases with applied external force.

The time derivative of *C* is heuristically obtained, having separate terms to describe rise and decay of mechanical activation *C*:$$\documentclass[12pt]{minimal}
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\begin{document}$$ {\frac{dC}{dt}} = {\frac{1}{{\tau_{\text{R}} }}} \cdot C_{\text{L}} (L_{\text{sc}} ) \cdot F_{\text{rise}} (t) + {\frac{1}{{\tau_{\text{D}} }}} \cdot {\frac{{C_{\text{rest}} - C}}{{1 + e^{{{{\left( {T(L_{\text{sc}} ) - t} \right)} \mathord{\left/ {\vphantom {{\left( {T(L_{\text{sc}} ) - t} \right)} {\tau_{\text{D}} }}} \right. \kern-\nulldelimiterspace} {\tau_{\text{D}} }}}} }}} $$\end{document}$$Parameters *τ*~R~ and *τ*~D~ are scaling rise and decay time, respectively (Table [B1](#Tab5){ref-type="table"}). Symbols *t* and *C*~rest~ represent time and diastolic resting level of activation, respectively. Functions *C*~L~, *F*~rise~, and *T* describe increase of activation with sarcomere length, rise of mechanical activation, and decrease of activation duration with decrease of sarcomere length, respectively:$$\documentclass[12pt]{minimal}
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\begin{document}$$ T(L_{\text{sc}} ) = \tau_{\text{sc}} (0.29 + 0.3L_{\text{sc}} ) $$\end{document}$$where *L*~sc0~ and *τ*~sc~ represent contractile element length with zero load and a time factor scaling duration of contraction, respectively (Table [B1](#Tab5){ref-type="table"}).

Active myofiber stress *σ*~f,act~ depends on length of series elastic element, *L*~sc~, and *C*:$$\documentclass[12pt]{minimal}
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In order to simulate the contributions of titin as well as collagen to passive myocardial stiffness,[@CR69] passive stress *σ*~f,pas~ represents a soft behavior for low myofiber strain and a stiff behavior for large positive strain:$$\documentclass[12pt]{minimal}
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The value of *σ*~pas~ has been adapted so that at maximum sarcomere length with exercise, passive myofiber stress assumes the maximum value (Table [1](#Tab1){ref-type="table"}: *Set point values for adaptation*). Total Cauchy myofiber stress *σ*~f~ is the sum of active and passive stress:$$\documentclass[12pt]{minimal}
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\begin{document}$$ \sigma_{\text{f}} (\varepsilon_{\text{f}} ) = \sigma_{\text{f,pas}} + \sigma_{\text{f,act}} $$\end{document}$$The latter result has been substituted in Eq. ([16](#Equ16){ref-type=""}).

Appendix C: Polynomial Series Approximations {#Sec25}
============================================

The polynomial series approximation given by Eq. ([15](#Equ15){ref-type=""}) is obtained from the analytical solution expressing natural myofiber strain in terms of *A*~m~ and *C*~m~ (Eq. [A7](#Equ23){ref-type=""}) by applying the following steps:Expression of myofiber strain *ε*~f~ for a closed sphere (use *A*~m~ = 4*π*/*C*~m~^2^) as function of *C*~m~ (Eq. [A13](#Equ29){ref-type=""}) yields:
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\begin{document}$$ x = \left. z \right|_{\text{sphere}} = {\frac{{3C_{m}^{3} V_{w} }}{8\pi }} $$\end{document}$$Applying Eq. ([A8](#Equ24){ref-type=""}) to a closed sphere (use *A*~m~ = 4*π*/*C*~m~^2^) yields:$$\documentclass[12pt]{minimal}
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\usepackage{amsmath}
\usepackage{wasysym} 
\usepackage{amsfonts} 
\usepackage{amssymb} 
\usepackage{amsbsy}
\usepackage{mathrsfs}
\usepackage{upgreek}
\setlength{\oddsidemargin}{-69pt}
\begin{document}$$ \varepsilon_{\text{f,C}} = {\frac{\ln (8\pi )}{3}} - {\frac{1}{2}} \cdot \ln \left( {{\frac{4\pi }{{A_{\text{m,ref}} }}}} \right) - {\frac{G(x)}{12}} $$\end{document}$$

The thus found expression for *ε*~f,C~, which holds for the special case of inflating a sphere, is valid for all combinations of *A*~m~ and *C*~m~.Substitution of Eqs. ([C3](#Equ44){ref-type=""}) and ([A8](#Equ24){ref-type=""}) in Eq. ([A7](#Equ23){ref-type=""}) yields the general analytical solution of natural myofiber strain *ε*~f~ in a curved wall patch:$$\documentclass[12pt]{minimal}
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\usepackage{amsmath}
\usepackage{wasysym} 
\usepackage{amsfonts} 
\usepackage{amssymb} 
\usepackage{amsbsy}
\usepackage{mathrsfs}
\usepackage{upgreek}
\setlength{\oddsidemargin}{-69pt}
\begin{document}$$ \begin{aligned} \varepsilon_{\text{f}} & = {\frac{\ln (8\pi )}{3}} - {\frac{1}{2}} \cdot \ln \left( {{\frac{4\pi }{{A_{\text{m,ref}} }}}} \right) + {\frac{1}{2}} \cdot \ln \left( {{\frac{{A_{\text{m}} }}{{A_{\text{m,ref}} }}}} \right) \\ & \quad - {\frac{1}{{12K^{3} }}} \cdot \ln \left( {{\frac{{(1 + K^{3} )^{{1 + K^{3} }} }}{{(1 - K^{3} )^{{1 - K^{3} }} }}}} \right) + {\frac{A}{4K}} \cdot \ln \left( {{\frac{{\left( {1 + {\frac{K}{A}}} \right)^{{1 + {\frac{K}{A}}}} }}{{\left( {1 - {\frac{K}{A}}} \right)^{{1 - {\frac{K}{A}}}} }}}} \right) \\ \end{aligned} $$\end{document}$$with *A* and *K* representing normalized area and curvature, respectively:$$\documentclass[12pt]{minimal}
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\begin{document}$$ K = {\frac{{C_{\text{m}} }}{2}}\root{3}\of{{{{\frac{{3V_{\text{w}} }}{\pi }}}}} $$\end{document}$$The first two terms of Eq. ([C5a](#Equ46){ref-type=""}) are constant strain offsets and are therefore eliminated from the strain relation, which describes the transition from a reference to a new state with state variables *A*~m~ and *C*~m~. Taylor series approximation of this simplified version of Eq. ([C5a](#Equ46){ref-type=""}) yields:$$\documentclass[12pt]{minimal}
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\begin{document}$$ \varepsilon_{\text{f}} = {\frac{1}{2}} \cdot \ln \left( {{\frac{{A_{\text{m}} }}{{A_{\text{m,ref}} }}}} \right) - {\frac{{K^{2} }}{{12A^{2} }}} - {\frac{{K^{4} }}{{40A^{4} }}} + {\rm O}(K^{6} ) $$\end{document}$$where *Ο*(*K*^6^) represents the higher order terms.It is used that *z* = *K*/*A*. Furthermore, the fourth-order polynomial approximation of natural myofiber strain in a curved wall patch (Eq. [15](#Equ15){ref-type=""}) is obtained after slight adjustment of the fourth-order term of Eq. ([C6](#Equ49){ref-type=""}) for best accuracy within the whole range of operation (\|*z*\| \< 0.8).

The polynomial series approximation given by Eq. ([16](#Equ16){ref-type=""}) is obtained from the analytical solution expressing representative midwall tension in terms of *A*~m~, *C*~m~, and *σ*~f~ (Eq. [A4](#Equ20){ref-type=""}) by applying the following steps:Substitution of $\documentclass[12pt]{minimal}
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LV

:   Left ventricle/ventricular

RV

:   Right ventricle/ventricular

LW

:   Left ventricular free wall

SW

:   Septal wall

RW

:   Right ventricular free wall
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*V*~LV~

:   Left ventricular cavity volume (m^3^)

*V*~RV~

:   Right ventricular cavity volume (m^3^)

*V*~w~

:   Wall volume of ventricular wall segment (m^3^)

*V*~m~

:   Volume of spherical cap, formed by midwall surface of wall segment (m^3^)

*A*~m~

:   Midwall surface area of curved wall segment (m^2^)

*C*~m~

:   Curvature of midwall surface (reciprocal of radius) (m^−1^)

*x*~m~

:   Maximal axial distance from midwall surface to origin (m)

*y*~m~

:   Radius of midwall junction circle (m)

*z*

:   Ratio of wall thickness to midwall radius of curvature of curved wall segment

*α*

:   Half the opening angle of spherical midwall surface

*ε*~f~

:   Natural myofiber strain
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*p*~LV~

:   Left ventricular cavity pressure (Pa)

*p*~RV~

:   Right ventricular cavity pressure (Pa)

*p*~Trans~

:   Transmural pressure difference across curved wall segment (Pa)

*σ*~f~

:   Cauchy myofiber stress (Pa)

*T*~m~

:   Representative midwall tension (N m^−1^)

*T*~x~

:   Axial midwall tension component (N m^−1^)

*T*~y~

:   Radial midwall tension component (N m^−1^)
